Abstract-The study objective was to construct and validate a subject-specific knee model that can simulate full six degree of freedom tibiofemoral and patellofemoral joint behavior in the context of full body movement. Segmented MR images were used to reconstruct the geometry of 14 ligament bundles and articular cartilage surfaces. The knee was incorporated into a lower extremity musculoskeletal model, which was then used to simulate laxity tests, passive knee flexion, active knee flexion, and human walking. Simulated passive and active knee kinematics were shown to be consistent with subject-specific measures obtained via dynamic MRI. Anterior tibial translation and internal tibial rotation exhibited the greatest variability when uncertainties in ligament properties were considered. When used to simulate walking, the model predicted knee kinematic patterns that differed substantially from passive joint behavior. Predictions of mean knee cartilage contact pressures during normal gait reached 6.2 and 2.8 MPa on the medial tibial plateau and patellar facets, respectively. Thus, the dynamic modeling framework can be used to simulate the interaction of soft tissue loads and cartilage contact during locomotion activities, and therefore provides a basis to simulate the effects of soft tissue injury and surgical treatment on functional knee mechanics.
INTRODUCTION
Dynamic musculoskeletal models provide a consistent framework to simulate soft tissue loads and joint kinematics in locomotor activities. For example, prior studies have used dynamic simulations to investigate muscular contributions to tibiofemoral loads in walking, 47 and the influence of quadriceps coordination on patellofemoral joint force in running. 38 However, most current gait models use a highly simplified representation of the knee. Specifically, the knee is often represented as a one degree of freedom joint, in which patellofemoral kinematics and secondary tibiofemoral kinematics are constrained functions of knee flexion. 4, 16 There are two fundamental limitations with this approach. First, a one degree of freedom knee joint does not provide estimates of the ligament and cartilage loading patterns that act to constrain secondary joint motion. Second, joint motion constraints are often assumed based on the passive behavior of cadaveric joints, 4, 16, 49, 50, 52 which intrinsically ignores load-dependent variations in joint kinematics. 9, 18, 26, 30, 33, 51 Loading effects are likely very relevant during locomotion activities, where secondary tibiofemoral kinematics vary substantially over the gait cycle. 18, 30 Anatomically detailed knee models have been introduced that allow for full six degree of freedom (DOF) kinematics at the tibiofemoral and patellofemoral joints. Finite element (FE) formulations are attractive since they provide for estimates of internal tissue stresses and strains. 17 However, FE models remain computationally challenging to solve within the context of a multibody simulation of gait. 24 Dynamic multi-body knee models provide a viable alternative for simulating gait, where elastic ligament bundles can capture overall joint laxity 11, 44, 45, 48 and elastic foundation models can provide estimates of cartilage contact pressure that are comparable to FE predictions. 25 However, computing coordinated muscle actions needed to control six DOF joints remains challenging. We recently introduced a modified computed muscle control (CMC) algorithm that can modulate muscle excitations to track knee flexion, while secondary knee motions evolve naturally due to muscle, ligament, cartilage contact, and external loading. 48 While we have shown that the modified CMC framework can accurately simulate tibiofemoral contact loads in a total knee replacement, 48 the capacity to simulate natural knee behavior has not yet been demonstrated.
The purpose of this study was to develop and validate a subject-specific, multi-body knee model that allows for six DOF motion at both the tibiofemoral and patellofemoral joints. We first used high resolution magnetic resonance (MR) images to create a knee model that included ligamentous constraints and articular cartilage contact. We then compared model predictions of tibiofemoral and patellofemoral kinematics with dynamic MRI measures obtained under passive and active loading conditions. 3, 28 Probabilistic simulations were performed to assess the propagation of uncertain ligament properties onto knee kinematics. Finally, we used the model to simulate secondary knee kinematics in walking, and compared the results to those obtained via conventional gait models.
MATERIALS AND METHODS

Participant Information
MR imaging and gait analysis were performed on a 23 year old female subject (height = 1.65 m, mass = 61 kg) with no history of chronic knee pain, injury, or surgery. The study was approved by the University of Wisconsin-Madison's Health Sciences Institutional Review Board, and appropriate written informed consent was obtained prior to testing.
MR Imaging
The subject underwent a MR examination in a clinical 3.0-T MR scanner (MR750, General Electric Healthcare, Waukesha, WI). An eight-channel phasedarray extremity coil (Precision Eight TX/pulse repetition time (TR) High Resolution Knee Array; Invivo, Orlando, FL) was positioned about her dominant (right) knee in an extended posture. Two high-resolution static scans were performed, which included a 3D IDEAL 19 spoiled gradient-echo (SPGR) sequence (256 9 256 9 108 cubic voxels with 0.78 mm spacing) and a fast-spin echo (FSE) cube sequence (512 9 512 9 392 cubic voxels with 0.30 mm spacing).
We manually segmented (MIMICS, Materialise Group, Leuven, Belgium) the bone geometries from the static IDEAL-SPGR images, and the articular cartilage surfaces and knee ligaments from the FSE Cube images. Bone geometries were smoothed (<0.1 mm average deviation from original, unsmoothed model) and decimated to 7000 triangles for the femur and tibia and to 2000 triangles for the patella (Geomagic, Research Triangle Park, NC). Cartilage surface geometries were likewise smoothed (<0.02 mm average deviation from original, unsmoothed model) and decimated to 4000, 2000, and 2000 triangles for the femoral, tibial, and patellar cartilages, respectively.
Anatomical reference frame orientations were established for each bone using a automatic algorithm based on geometric and inertial properties of the 3D segments. 37, 41 The medial-lateral axis of femur was aligned with the centerline of a best-fit cylinder to the condyles and the superior-inferior axis is based off the smallest inertial axis of the diaphysis. The tibial axes were defined as the first, second, and third inertial axes of the plateaus. The anterior-posterior axis of the patella was defined as the principal axis corresponding with the smallest mass moment of inertia. The superior-inferior axis was aligned with the median ridge. The origins of the femoral and tibial reference frames were both placed at the center of the best-fit cylinder of the femoral condyles. The origin of the patellar reference frame was placed at the center of mass.
The subject was next positioned supine on a MRcompatible loading device 46 with her dominant knee centered in a 16-channel flex coil (GEM Flex, NeoCoil, Pewaukee, WI) coil. The knee was cyclically flexed and extended under three conditions: voluntary motion against an inertial load which induced quadriceps loading with the knee flexed, 28, 51 voluntary motion against an elastic load which induced quadriceps loading with the knee extended, 51 and a passive case in which a researcher cyclically flexed the subject's relaxed leg. Inertial loading was applied via rotating disks and elastic loading was applied via a torsion spring as described in Westphal et al. 51 Knee range of motion was limited by the MRI bore size (60 cm diameter), ranging from 36°in the passive task to 45°in the active tasks. Cyclic task rates (0.5 Hz) were maintained via an audible metronome, with repeatability enhanced by having the subjects practice the tasks prior to the MR examination. A dynamic SPGR sequence in conjunction with vastlyundersampled isotropic projections (SPGR-VIPR, 160 9 160 9 160 cubic voxels with 1.5 mm spacing, 75,000 unique lines, 5 min scan time) was used to continuously acquire volumetric image data over 150 motion cycles of each motion task. 28 The dynamic images were used to track tibiofemoral and patellofemoral kinematics using methods that have been described previously. 28 Briefly, an encoder measurement of knee angle was used to retrospectively sort SPGR-VIPR projections into 60 bins over the motion cycle. Sorted projections were used to reconstruct 60 volumetric image sets. Femur, tibia, and patella bone model geometries were then registered to each image set using numerical optimization. 40 This resulted in 3D trajectories of the translations and rotation angles for the femur, tibia, and patella over the motion cycle, which were subsequently low-pass filtered (5 Hz cutoff frequency). Tibiofemoral kinematics were described by three translations and three successive body-fixed rotations (flexion, adduction, and internal rotation) of the tibia relative to the femur. 22 Similarly, patellofemoral orientation was defined by successive body-fixed rotations consisting of flexion, lateral rotation, and medial tilt of the patella relative to the femur.
Knee Model
The following ligament volumes were constructed from the FSE Cube images: superficial and deep medial collateral ligament (sMCL, dMCL), lateral collateral ligament (LCL), anteriomedial and posteriolateral anterior cruciate ligament (aACL, pACL), anteriolateral and posteriomedial posterior cruciate ligament (aPCL, pPCL), patellar tendon (PT), medial and lateral patellofemoral ligaments (MPFL, LPFL), popliteofibular ligament (PFL), posteriomedial capsule (pmCAP), the posterior capsule (CAP), and the iliotibial band (ITB). Ligaments were smoothed and centerlines were calculated using the MIMICS Medcad module. Each ligament was represented by a bundle of non-linear springs spanning from the ligament origin footprint to its insertion footprint. Wrap objects were defined for the medial collateral ligament, posterior capsule, and patellar tendon so that they wrapped appropriately around the tibia, femur, and patella respectively.
Each ligament bundle was represented by a discrete number of strands. Tensile forces were computed assuming each strand behaved as a non-linear stiffening spring at low strains (e < 0.06), and having a linear stiffness at higher strains. 10 The linear stiffness of each ligament were estimated as the product of the average ligament cross-sectional area and an assumed ligament elastic modulus of 125 MPa. 13 Ligament cross-sectional areas for the MPFL, LPFL, PFL, ITB, pmCAP, and CAP could not be well estimated from the images, such that the values for cross-sectional area or stiffness were adapted from other modeling and cadaveric studies. 1, 6, 27, 36, 39, 43, 48 Ligament stiffness was equally portioned to all strands included in the bundle. The reference strains of each ligament strand in an extended knee posture were adapted from the literature. 43, 45, 48 See the Supplemental Material for ligament properties used in this model.
Tibiofemoral and patellofemoral cartilage contact pressures were computed using an elastic foundation model in which pressure is assumed to be a function of the depth of penetration between contacting cartilage surfaces. Regions of cartilage contact were determined at each time step using ray-casting techniques together with hierarchical bounding boxes. 48 At each triangle of the tibia plateau, the contact pressure was computed using a non-linear elastic foundation formulation, 8 with cartilage assumed to have an elastic modulus of 5 MPa, 10,12 a Poisson's ratio of 0.45, 5,10,12,45 and a uniform cartilage thickness of 3 mm over each surface (i.e., 6 mm total thickness). 42 The knee model was incorporated into a generic lower extremity musculoskeletal model with a six DOF pelvis, a three DOF ball-in-socket representation of the hip, and a one DOF ankle allowing for dorsi/plantarflexion (Fig. 1) . 4 The model included 44 musculotendon units acting about the right hip, knee and ankle. To incorporate the knee model, the femoral skeletal and cartilage geometries were positioned to closely align with the femoral geometry in the generic lower extremity model. Tibial and patellar geometries were then positioned to just contact the femoral surfaces in an upright posture. The full model was implemented in SIMM, 15 with the Dynamics Pipeline (Musculographics Inc., Santa Rosa, CA) and SD/Fast (Parametric Technology Corp., Needham, MA) used to generate code describing muscle-tendon dynamics and the multibody equations of motion.
Dynamic Simulations
As a first assessment of veracity of the model, we simulated laxity tests and compared the resulting knee kinematics to those measured in cadaveric studies. 2, 20, 21, 35 In these tests, the femur was fixed and muscle activations were set to 0. Anterior-posterior (A-P) laxity was assessed by applying a ±100 N force on the tibia at a position 10 cm inferior to the tibial reference frame origin. Forward dynamics was used to simulate the resulting tibial and patellar motion. Rotational laxity was assessed by applying a ±5 Nm torque about the long axis of the tibia and using dynamic simulation to predict the resulting tibiofemoral rotations. Both A-P and rotational laxity was assessed at 10°increments of knee flexion between 0°and 90°.
Simulations were then performed to compare model predictions against the in vivo tibiofemoral and patellofemoral kinematic measured from the dynamic MRI experiments. For these simulations, we emulated the dynamic MRI setup by prescribing posterior pelvic tilt to 90°and hip flexion to 20°. The passive knee flexion task was then simulated by setting muscle activations to a low level (activation a = 0.01) and prescribing knee flexion to cycle between 0°and 50°of knee flexion at 0.5 Hz. The active loading cases were simulated by using a modified computed muscle control algorithm 48 to compute muscle excitations needed to drive cyclic knee flexion against simulated inertial and elastic loads applied to the tibia. Applied tibia load magnitudes were set such that peak knee extensor moments of 30 Nm were generated, as was measured previously in the comparison dynamic MRI experiments. 51 Ankle plantarflexion was also actively controlled to track a fixed value of 20°. The resulting tibiofemoral and patellofemoral kinematics were compared to both subject-specific and population 51 measures obtained with dynamic MRI.
We performed Monte Carlo simulations (n = 2000) to evaluate the effects of uncertainty in ligament stiffness and reference strains on passive knee kinematics. For each simulation, ligament stiffness and reference strains were selected from a normal distribution with mean value set to the nominal model value. The standard deviation chosen for reference strain was 0.02 and for stiffness was 30% of the nominal ligament stiffness. 7 Perturbations to reference strain and stiffness were independently assigned for each ligament bundle, but all strands within a bundle were prescribed the same parametric variations.
The subject underwent gait analysis during overground walking at a preferred speed. Whole body FIGURE 2. The passive knee model exhibited anterior-posterior translational laxity and internal-external rotation laxity that was consistent with prior cadaveric studies (symbols 5 mean, error bars 5 one standard deviation). 2, 20, 21, 35 kinematics were recorded using an eight-camera, passive motion capture system (Motion Analysis, Santa Rosa, CA) to track 44 retroreflective markers, which included 25 markers on anatomical landmarks and 14 markers on rigid plates attached to the thigh and shank segments. The lower extremity model was scaled to the subject based on segment lengths determined in a standing upright posture. Pelvis, thigh, and shank reference frames were set using anatomical markers placed over the anterior superior iliac spine, posterior superior iliac spine, and the medial and lateral epicondyles and malleoli. A functional calibration routine was used to determine hip joint centers in the pelvis reference frame. 31 During walking, marker kinematics were collected at 100 Hz and then low-pass filtered at 12 Hz. Ground reaction forces were simultaneously collected at 2000 Hz (forceplate model BP400600, AMTI, Watertown, MA) and then low-pass filtered at 50 Hz.
A global optimization inverse kinematics routine determined pelvis translations, pelvis rotations, hip angles, knee flexion and ankle dorsiflexion that best agreed with marker positions measured during gait. 34 At this stage, secondary tibiofemoral and all patellofemoral DOF were assumed to be a constrained function of knee flexion, with these functions based on our simulated passive knee behavior. 4 We then used a modified CMC algorithm to compute muscle excitations that drove the dynamic multi-body model to track measured hip kinematics, knee flexion and ankle dorsiflexion trajectories over a gait cycle. 48 The pelvis coordinates were prescribed to reproduce measured values, and measured ground reaction forces were applied directly to the feet. It should be explicitly noted that only knee flexion was tracked in the gait simulation, with all other tibiofemoral and patellofemoral DOFs being allowed to evolve as a function of muscle and ligament forces and cartilage contact. We then compared simulated tibiofemoral and patellofemoral kinematics during gait to our passive knee joint behavior to better understand the importance of load-dependent effects.
RESULTS
Knee Laxity
The nominal model-predicted patterns of translational and rotational laxity were consistent with measures obtained on cadaveric specimens (Fig. 2) . A 100 N anterior force induced tibial translations of 1-7 mm with a peak at 30°knee flexion, while a 100 N posterior force induced translations of 1-7 mm with a peak at 10°knee flexion. A 5 Nm internal rotation moment induced internal tibial rotation angles ranging from 10°to 22°across the 90°of knee flexion considered, while external rotation moments induced rotations of 9°-18°.
Passive Knee Flexion-Extension
Dynamic MRI measurements of tibiofemoral and patellofemoral kinematics in the passive flexion-extension tasks were consistent with model predictions, generally falling within the simulated uncertainty range (Fig. 3) . One exception was patellofemoral tilt, with the model predicting a small amount of medial tilt (1.8°on average) with tibiofemoral flexion, while the MRI results showed approximately 3.0°of lateral tilt. In addition, anterior patellar translation was slightly underpredicted relative to MRI measures. The nominal model did exhibit some kinematic hysteresis, with the kinematics being predicted during flexion and extension being slightly disparate for anterior tibial translation, internal tibial rotation and patellar flexion. Tibiofemoral translations, internal tibial rotation, superior patellar translation, and patellar flexion exhibited the greatest sensitivity to ligament properties.
For example, one standard deviation in internal tibiofemoral rotation ranged from 1.5°to 5.8°over the knee flexion range of motion, while adduction varied only 0.6°to 1.1°.
Inertial and Elastic Loading Conditions
Simulations of the elastic and inertial loading conditions produced distinct tibiofemoral and patellofemoral kinematic patterns (Fig. 4) . For example, when quadriceps activity occurred at extended knee postures (i.e., in the elastic case), greater anterior tibial translation (2.2 mm), internal tibial rotation (5.1°) and superior patellar translation (5.2 mm) were predicted in the extended position. Inertial loading (i.e., quadriceps active when knee was flexed) induced greater anterior (6.2 mm) and inferior (3.3 mm) tibial translation in a flexed knee posture. At the patellofemoral joint, there was increased superior (5.2 mm) and lateral (1.0 mm) translation of the patella in the elastic case at maximum extension. In addition, there was patella flexion (7.2°), and increased anterior (4.0 mm) and superior (4.2 mm) translation at maximum knee flexion during the inertial case. These load-dependent kinematic differences FIGURE 4. Tibiofemoral and patellofemoral kinematics were simulated and measured under inertial (peak quadriceps activity with flexion) and elastic (peak quadriceps activity with extension) loading conditions. Shown are the differences in kinematics observed between the inertial and elastic loading conditions, as predicted by the nominal simulation (red line) and measured with dynamic MRI (black line 5 subject-specific, shaded region represents 61 SD reported in Westhphal et al.
51
). Non-zero values represent phases where load-dependent behavior is evident, with the load-dependent effects most prominent in anterior tibial translation, tibial rotation, superior patellar translation, and patellar flexion.
generally agreed with both subject-specific and population-average 51 dynamic MRI measurements. For example, average difference between our subject-specific MRI and simulated results over a similar range of motion were 0.6 mm of superior translation, 0.7 mm of lateral translation, and 1.5°of adduction.
Gait Simulations
The gait simulation predicted secondary tibiofemoral and patellofemoral kinematics that differed considerably from what would be assumed based a constrained one DOF knee model created from the passive motion results (Figs. 5 and 6 ). In particular, the largest load-dependent effects occurred in tibial rotation and anterior tibial translation (Fig. 5) . The gait simulation predicted external rotation through load acceptance, internal rotation through toe-off, followed by external tibia rotation during much of swing. In stance, the tibia was also substantially more anteriorly and laterally translated than a knee model based on passive behavior would predict (Fig. 6) .
Model predictions of tibiofemoral contact pressures on the medial plateau were higher than those on the lateral plateau through the majority of stance. Medial tibial plateau contact pressures averaged 6.2 and 5.7 MPa at the first (15% gait cycle) and second (50% gait cycle) peaks of tibiofemoral loading, respectively (Fig. 7) . Contact pressure on the patellar facets reached an average of 2.8 MPa at the first peak of tibiofemoral loading.
DISCUSSION
We have introduced and validated a 12 DOF multibody, dynamic knee model suitable for simulating loaddependent knee behavior during locomotor activities. A key feature of the model is the capacity to predict the tibiofemoral and patellofemoral mechanics that arise from the interaction of muscle, ligament, and contact forces, instead of relying on pre-assumed behavior based on cadaveric studies. 4, 16 We showed that the knee model produced kinematics that were consistent with in vivo measures obtained with dynamic MRI. When extended to gait, the framework predicted secondary knee kinematics that differ substantially from that is assumed based on traditional knee models used in gait analysis. 4, 16 Thus, multi-scale interactions that occur between internal joint mechanics and movement dynamics seem important to consider in simulations of human locomotion. Further, as demonstrated by our stochastic simulations, the new knee model may be extremely relevant in simulating movement in cases of altered ligament properties due to injury or disease.
Our knee model validation efforts were perhaps the most extensive ever performed, with model predictions directly compared to in vivo measures obtained under both passive and active conditions. We found that passive kinematic behavior of the model compared very well to that observed experimentally, but that specific degrees of freedom (notably tibiofemoral translations and internal tibial rotation) are highly dependent on ligament properties (Fig. 3) . In contrast, tibiofemoral adduction and patellofemoral behavior were much less dependent on ligament properties, suggesting that cartilage geometries assume a more major role in guiding those movements. Inherent laxity in the knee model allowed for the prediction of loaddependent knee behavior that has been measured experimentally (Fig. 4) . 9, 18, 30, 51 The model predicted an increase in anterior tibial translation and internal rotation with quadriceps loading in a flexed knee posture (i.e., in the inertial loading case), a result that was seen in the dynamic MRI (Fig. 4) and has been recorded previously in cadaveric studies. 26, 33 Such predictive capabilities are important when using knee models to investigate the influence of soft tissue injury and treatment on internal joint behavior.
When used to simulate gait, the co-simulation framework predicted variations in secondary knee kinematics that differed substantially from what is assumed based on passive behavior of cadaveric knees. 4, 50, 53 In particular, phase plots clearly show that secondary kinematics are not simple functions of knee flexion, but also depend on the current internal and external loading state (Fig. 6) . Notably, internal tibial rotation occurred with knee extension during the second half of stance, motion that is opposite of the classically defined screw home mechanism but is consistent with empirical studies of gait.
9,18,30 Anterior tibial translation arises during the early stance phases of gait, an effect likely attributable to the quadriceps loading. An important feature of the knee model is the capacity to simultaneously estimate muscle forces and cartilage contact pressure patterns that arise during locomotion. In the nominal gait simulation, medial tibial plateau pressure was larger than the lateral tibial plateau pressure through much of stance and approximately two times greater than the patellar pressures through mid-stance (Fig. 7) .
What is the clinical relevance of being able to simulate load-dependent knee behavior? There are two potentially important considerations. First is the recognition that slight variations in secondary knee kinematics can have a substantial impact on both the magnitude and location of cartilage contact pressure. It has been suggested that sudden shifts in the location of cartilage contact, due to ligament injury or surgical repair, may be a precipitator to tissue degeneration and osteoarthritis.
14 Hence, the proposed knee model provides a systematic way of predicting how variations in treatment factors may influence cartilage tissue loading. Second, variations in knee kinematics can affect the capacity of soft tissues to induce joint motion. We began to assess this effect by computing the tibiofemoral finite helical axis during stance. This analysis shows that the tibiofemoral adduction and rotation during gait resulted in a skewing of the finite helical axis (FHA) and a distal migration of location of the FHA in the mid-sagittal plane (Fig. 8) . Load-dependent shifts in the FHA alter the effective moment arms of the muscles and ligaments crossing the knee, such as has been previously observed for the patellar tendon. 51 Variations in muscle moment arms are not currently considered in standard gait knee models, but would appear relevant in an intact knee and likely become an even more important consideration when joint laxity exists. While our knee model has improved prediction of load-dependent kinematics, we must acknowledge some of its inherent limitations. We represented the ligaments as spring elements, rather than deformable 3D representations that account for spatial variations in strain. We were able to include some wrap objects to improve wrapping around the bony structures. However, these wrapping surfaces were simple geometric representations (e.g., cylinder, ellipse) and ligamentligament interactions were not incorporated. Ligament reference strains are not measurable in vivo, so these parameters were estimated from the literature. We followed the approach of Baldwin et al. of using stochastic simulations to assess the influence of this uncertainty has on our model predictions. 7 Our cartilage surface was represented as a constant thickness, an approximation which has been used by other groups. 10, 42 We believe that inclusion of variable cartilage thickness, as can be determined from MR images, 29 will be straightforward to implement in the future. Further, the knee model does not currently have a meniscus. While the meniscus is not considered a primary constraint in low load conditions, 32 incorporating a meniscus model 23 will become important as the model is used for large-load tasks or in cases of ligamentous deficiency. Finally, our gait simulations applied measured ground reactions directly to the feet. Future improvements include adding a ground contact model that can simulate reaction forces arising from foot-floor interactions.
In conclusion, this study introduced a new, multibody dynamic knee model that includes six DOF tibiofemoral and patellofemoral joints. The model provides simultaneous prediction of the ligament, muscle, and articular contact loads underlying human motion. We showed that model predictions compare well with load-dependent knee kinematic behavior measured in vivo. When extended to walking, the model predicted knee kinematic patterns that differ markedly from that traditionally assumed in gait analysis models. Thus, the modeling framework provides a powerful new approach to simulate alterations in knee mechanics that may arise due to injury or disease-related changes in soft tissue properties.
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